We present an optically encoded photoacoustic (PA) flow imaging method based on optical-resolution PA microscopy. An intensity-modulated continuous-wave laser photothermally encodes the flowing medium, and a pulsed laser generates PA waves to image the encoded heat pattern. Flow speeds can be calculated by cross correlation. The method was validated in phantoms at flow speeds ranging from 0.23 to 11 mm∕s. Venous blood flow speed in a mouse ear was also measured. [6] [7] [8] , but it has been reported that the PA Doppler signal strength decreases as the particle concentration increases [8, 9] . Additionally, the axial resolution achieved by tone-burst excitation with a continuouswave (CW) laser was relatively low compared with the axial resolution achieved by pulsed excitation. Unlike the previous methods based on the PA Doppler effect, Sheinfeld and Eyal measured the flow speed based on PA detection of thermal clearance [10] . This method does not reply on the inhomogeneity of the absorbers in the flow and thus can potentially measure the flow speed of homogenous media. However, the method was unable to separate thermal convection from conduction, leading to low accuracy for slow flow measurements. Recently, ultrasound-encoded PA flowgraphy has been demonstrated [11, 12] . Based on a similar idea, we present here an in vivo optically encoded PA flowgraphy (OE-PAF) capable of high-resolution flow speed measurement of a homogeneous medium. As a heating source, an intensity-modulated CW laser-acting as a "writing" beam-generates temperature variations within the flowing medium. A pulsed laser is used as a "reading" beam to generate PA waves, which are detected by a confocally aligned ultrasonic transducer. Since PA signals are sensitive to the local temperature, the heated area generates higher PA signal amplitudes than nearby regions. By scanning the reading beam along the flow direction, we can acquire PA images of the flow, which has been photothermally encoded by the writing beam. This method offers three advantages. First, the modulation of the heating beam can be changed to generate different patterns, i.e., we can "write" different "barcodes" into the flow, allowing the heating pattern to be optimized for the best contrast-to-noise ratio. Second, both the photothermal encoding and the PA detection employ endogenous optical absorption contrasts; thus OE-PAF is label-free. Third, since OE-PAF directly measures the displacement of the encoded flowing medium, thermal diffusion does not directly have an impact on the measurement. Therefore we do not need to calibrate the thermal diffusivity.
Blood flow is an important physiological parameter and can be used to identify abnormal cell activities, such as hypermetabolism in cancers [1] . Major noninvasive blood flow measurement techniques include Doppler ultrasound flowmetry [2] , laser Doppler velocimetry [3] , and Doppler optical coherence tomography [4] . All of these techniques rely on acoustic or optical scattering contrasts from moving media. Based on optical absorption contrast, photoacoustic (PA) microscopy has been recently applied to high-resolution blood flow imaging. In comparison with other techniques, PA microscopy provides inherently background-free detection and speckle-free imaging [5] . Several PA flow measurement techniques based on the PA Doppler effect have been explored [6] [7] [8] , but it has been reported that the PA Doppler signal strength decreases as the particle concentration increases [8, 9] . Additionally, the axial resolution achieved by tone-burst excitation with a continuouswave (CW) laser was relatively low compared with the axial resolution achieved by pulsed excitation. Unlike the previous methods based on the PA Doppler effect, Sheinfeld and Eyal measured the flow speed based on PA detection of thermal clearance [10] . This method does not reply on the inhomogeneity of the absorbers in the flow and thus can potentially measure the flow speed of homogenous media. However, the method was unable to separate thermal convection from conduction, leading to low accuracy for slow flow measurements.
Recently, ultrasound-encoded PA flowgraphy has been demonstrated [11, 12] . Based on a similar idea, we present here an in vivo optically encoded PA flowgraphy (OE-PAF) capable of high-resolution flow speed measurement of a homogeneous medium. As a heating source, an intensity-modulated CW laser-acting as a "writing" beam-generates temperature variations within the flowing medium. A pulsed laser is used as a "reading" beam to generate PA waves, which are detected by a confocally aligned ultrasonic transducer. Since PA signals are sensitive to the local temperature, the heated area generates higher PA signal amplitudes than nearby regions. By scanning the reading beam along the flow direction, we can acquire PA images of the flow, which has been photothermally encoded by the writing beam. This method offers three advantages. First, the modulation of the heating beam can be changed to generate different patterns, i.e., we can "write" different "barcodes" into the flow, allowing the heating pattern to be optimized for the best contrast-to-noise ratio. Second, both the photothermal encoding and the PA detection employ endogenous optical absorption contrasts; thus OE-PAF is label-free. Third, since OE-PAF directly measures the displacement of the encoded flowing medium, thermal diffusion does not directly have an impact on the measurement. Therefore we do not need to calibrate the thermal diffusivity.
Mathematically, we assume that the temperature at the origin x 0 is modulated by a sinusoidal heating beam, with a function Ht:
where H 0 is a constant, f 0 is the heating frequency, and t is the heating time. The PA measurement is performed by linearly scanning the PA detection spot along the flow direction, i.e., an imaged blood vessel of interest. Along the motor scanning direction, the temperature change induced by the heating beam can be described as
where ΔT 0 x is the amplitude of the temperature change, x is the distance from the heating point to the PA measurement point, t b is a point on the B-scan (cross-sectional scan) time axis, 2πf 0 t 0 is the initial phase of the heating sinusoidal function (t 0 is a constant), v f is the flow speed, and θ is the angle between the flow velocity and motor scanning velocity vectors. The amplitude of the detected PA signal, V , generated by the pulsed laser excitation, is proportional to the local pressure rise, which can be described by [13] Vx;
where γ 0 and γ 0 0 are empirical constants related to the Grueneisen parameter, μ a x is the optical absorption coefficient, and Fx is the optical fluence of the reading beam. Thus the time-variant part of the PA signal detected by the transducer can be written as 
Equation (5) shows that, due to the blood flow and the motion of the transducer, the frequency of the heating pattern has become 1 − v m ∕v f cos θf 0 ; thus the frequency shift from the heating frequency is
When v m v f cos θ, the PA signal becomes time invariant:Ṽ
At position x, the PA signal amplitudes vary with the heating time t, which can be described as
By performing cross correlation between the timevariant PA signals at positions x 1 and x 2 , the time delay Δt between the two signals can be calculated as
where t meas is the total measurement time. It can be seen that Δt is related to the flow speed as well as the motor scanning speed, a relationship that can be expressed as
where Figure 1 (a) is a schematic of the experimental setup. A second-generation optical-resolution PA microscopy system (OR-PAM) [14] imaged the heat propagation. A pulsed laser beam (532 nm) with a spot size of ∼2 μm was focused onto the sample. The generated PA signals were detected by an ultrasonic transducer with a central frequency of 50 MHz. To achieve high sensitivity, the ultrasound focus was coaxially and confocally aligned with the optical focus. The B-scan rate was 8.3 Hz over a transverse range of 3 mm with 1600 A-lines. An intensity-modulated CW laser light (532 nm wavelength; MLL-III-532, General Optoelectronic) with a spot size of ∼0.4 mm heated the flow medium to generate temperature variation. The CW laser (100 mW) was intensity modulated at 0.5 Hz. The maximum distance between the heating and detection beam was 3 mm, jointly limited by thermal diffusion, signal-to-noise ratio (SNR), and scanning range of the PAM system used in the experiment. The minimum distance between the two beams was zero when the centers of the two beam spots coincide. A tube (300 μm inner diameter, VWR International) filled with red ink solution was connected to a syringe. Flow speeds were set by a syringe pump (BSP-M99, Braintree Scientific Inc.). Figure 1(b) is a schematic of an OR-PAM scan for thermal flow measurement in a tube.
As shown in Fig. 2(a) , the PA amplitudes from a tube image without heating were relatively evenly distributed. Figure 2 (b) shows space-time PA images acquired with heating at three different flow speeds. The images in Fig. 2(b) were obtained after subtracting the signals averaged over the total measurement time. To increase the SNR, the PA images were averaged over eight heating cycles. From Fig. 2(b) , it can be seen that the PA signals were modulated by a sinusoidal wave both at the scanning axis (denoted by x) and the heating time axis (denoted by t), as indicated by Eqs. (5) and (8) . Along the heating time axis of the thermal pattern, the slope of the pattern, Δt∕Δx, is the inverse of the flow speed, 1∕v f , as indicated by Eq. (11) . Thus it can be inferred that the slope was steeper for slower flow speeds and vice versa. During heating, the maximum PA amplitude was 10.8% greater than the average PA amplitude, corresponding to a 2.2°C temperature rise (room temperature 20°C) [13] . Media 1 shows the thermal waves propagating along the tube. From the video, it can be seen that during the heating, a thermal wave was generated at the heating spot and propagates with the flow. During the measurement, flow speeds were varied from 0.23 to 11.00 mm∕s. The measured flow speeds are shown in Fig. 3 . The straight line is a linear fit of the measurement points with a fitting equation of y kx. The coefficient k was found to be 0.998. The measurement errors were estimated using the normalized RMSD, which was 2.0%.
In vivo blood flow measurement was conducted in a nude mouse ear. The heating frequency was 0.5 Hz. The signals were averaged over 16 heating cycles to increase the SNR. Figure 4(a) shows a MAP image of a mouse ear. The diameter of the vessel of interest is about 100 μm. The motor scanned from A to B. We used an arbitrarytrajectory scanning technique [15] , so that B-scans could follow the paths of curved blood vessels. The heating spot was located at position B. The space-time PA image of the heating pattern is shown in Fig. 4(b) . The image was obtained after the signals averaged over the total measurement time were subtracted. By comparing the signals between position A and position B (marked by the dashed line), we calculated the time delay, from which we determined the flow direction as from position B to position A. Then, using Eq. (11), the flow speed in the mouse ear was calculated to be 0.90 mm∕s. During heating, the maximum PA amplitude was 6.6% greater than the average PA amplitude, corresponding to a temperature rise of 2.5°C (a body temperature of 37°C was assumed) [13] . Media 2 shows a second in vivo experiment where the dynamic change in the PA amplitude from the mouse ear vessels was imaged with 0.1 Hz heating. The area near the heating spot shows stronger PA amplitude during the heating duty cycle, verifying the thermal effect. The 2D imaging frame rate was 1 Hz over a 0.8 mm × 1.6 mm area, using a MEMS-PAM system [16] . All the animal experimental procedures were in conformance with the laboratory animal protocol approved by Washington University in St. Louis.
To achieve repeating heating patterns with a sufficient contrast-to-noise ratio, before the next heating cycle, the heating pattern "written" in the previous cycle has to flow fast enough to get out of the original heating spot, i.e., v f cos θ · T ≤ d, where T is the heating period and d is the heating spot size. Given d 0.4 mm, T 2 s, and θ 0°, then v f ≤ 0.2 mm∕s. From the equation, it can be seen that decreasing the heating frequency and minimizing the heating spot size could reduce the minimum measurable flow speed. Increasing the sensitivity of the PA system and improving the contrast-to-noise ratio of the heating pattern (e.g., by increasing the heating power) could make the minimum measurable flow speed closer to the theoretical value. Contrariwise, thermal diffusion could smooth out the heating pattern and decrease the contrast-to-noise ratio, which would increase the minimum measurable flow speed.
From Eq. (10), it can be inferred that the time delay Δt should be positive, i.e., Δt Δx∕v f cos θ− Δx∕v m > 0, thus v f ≤ v m ∕ cos θ. For our current experimental setup, v m 25 mm∕s, θ 0°, and thus the maximum measurable flow speed is 25 mm∕s.
Though the current experiment setup used a CW laser to generate the sinusoidal thermal pattern, the heating beam could also come from a pulsed laser, and different heating functions could be applied as long as adequate contrast-to-noise ratio is achieved. Note that the proposed method is sensitive to all thermal carriers and can be applied to homogeneous media. With the current setup, the heating beam and detection beam are on the opposite sides of the sample, imposing limitations on the thickness and absorbance of the sample. In the future, an improved setup with the two beams at the same side could be utilized.
In summary, we present an OE-PAF in vivo. In this method, the flow was encoded by a thermal pattern. Then we "read" the pattern using an optical-resolution PA microscopy system. The flow speed was calculated from PA images by cross correlation. The proposed technique enabled high-resolution measurement of flow speed as slow as 0.23 mm∕s in phantoms and in vivo measurement of blood flow in a mouse ear.
